Raman scattering provides valuable biochemical and molecular markers for studying bone tissue composition with use in predicting fracture risk in osteoporosis. Raman tomography can image through a few centimeters of tissue but is limited by low spatial resolution. X-ray computed tomography (CT) imaging can provide high-resolution image-guidance of the Raman spectroscopic characterization, which enhances the quantitative recovery of the Raman signals, and this technique provides additional information to standard imaging methods. This hypothesis was tested in data measured from Teflon® tissue phantoms and from a canine limb. Image-guided Raman spectroscopy (IG-RS) of the canine limb using CT images of the tissue to guide the recovery recovered a contrast of 145:1 between the cortical bone and background. Considerably less contrast was found without the CT image to guide recovery. This study presents the first known IG-RS results from tissue and indicates that intrinsically high contrasts (on the order of a hundred fold) are available.
Introduction
In many situations in medicine, structural imaging of tissue does not provide sufficient evidence for effective clinical assessment, and the addition of biochemical information would be beneficial. The ideal situation would be to design hybrid tomography systems which provide good spatial resolution together with high molecular contrast information. Optical spectroscopy can provide inherently high levels of intrinsic molecular contrast, including Raman measurements arising from functional and molecular changes [1] . Combining optical techniques with anatomical information from other low-contrast, high-resolution imaging modalities has been demonstrated with Magnetic resonance imaging [2] , X ray [3] and ultrasound [4] . In these hybrid systems, the spatial structure of tissues is embedded into the optical image reconstruction to provide accurate and high-resolution molecular characterization. Work by Davis et al. [5] showed that the use of spatial priors is essential for recovering fluorophore distributions in complex tissue volumes [6, 7] . The proposed method is extended here to combine Raman spectroscopy with x-ray CT to allow image-guided Raman spectroscopy (IG-RS) using anatomical structures from CT as a priori knowledge. We present here, to the best of our knowledge, the first known IG-RS estimates using an excised canine limb as a model.
Raman spectroscopy is based on the principle of inelastically scattered light arising from vibrational energy states of molecular bonds, and it provides valuable biochemical markers to study tissue composition. Raman spectroscopy has been studied in various clinical applications [8] [9] [10] [11] [12] [13] . Our interest is in exploring the use of Raman scattering for studying bone chemical composition and predicting the risk of bone fracture with age and disease, such as osteoporosis. Reports indicate that collagen, the primary organic component of bone extracellular matrix, undergoes changes with osteoporosis [14] [15] [16] [17] . However, the current gold standard for bone health, dual-energy X-ray absorptiometry (DXA), measures only the mineral component of bone. With Raman spectroscopy both the mineral and organic phases can be measured. Results ex vivo showed that Raman spectroscopy could distinguish between normal and unhealthy tissue non-invasively [13] using time-resolved measurements in mouse genotypes. Also, Schulmerich et al. [18] have accurately recovered Raman bone spectra through 5 mm of tissue in a canine excised limb using a reflectance-based fiber optic probe. In addition, compositional differences observed in bone excised from women with and without hip fractures illustrated a higher carbonate-phosphate ratio from trabecular bone in women with fracture [19] . Because of the molecular specificity and quantitative potential of these measurements, deep tissue Raman measurements would provide valuable biomedical information if Raman scatter could be well localized to the region of origin and then used to tomographically recover the contrast (i.e. boundaries) between the desired target and background.
Diffuse optical spectroscopic measurements can be used to overlay molecular information onto imaging systems, but a transmission geometry limits the accuracy of imaging [20] [21] [22] . Preliminary studies on Raman tomographic imaging using a transmission geometry allowed three-dimensional visualization of spatial changes in biochemical composition [23] , however, the localization of the origin of Raman signal was limited due to the diffuse nature of light propagation. Here we present the use of high-resolution CT images to guide the diffuse modeling of light in order to achieve a high-contrast molecular and structural characterization of tissue with accurate localization of signal origins.
Materials and methods

Instrumentation
Data were collected using a Raman system operated in two modes: reflectance mode and transmission mode. A comparison of the two imaging systems is shown in Figure 1 . The system has been detailed elsewhere [24] [25] [26] . Briefly, this system comprised a 400-mW, 785-nm external cavity diode laser (Invictus, Kaiser Optical Systems, Inc., Ann Arbor, MI) and a near infra-red -optimized imaging spectrograph (HoloSpec, f/1.8, Kaiser Optical Systems, Inc.) fitted with a 50-μm slit to provide 6-8 cm −1 resolution. The detector was a thermoelectricallycooled, deep-depletion 1024×256 pixel CCD (Model DU420-BR-DD, Andor Technology, Belfast, Northern Ireland) operated at −75°C with no binning. The dispersion axis of the spectrograph was calibrated against the neon discharge lamp of a Raman Calibration Accessory (Kaiser Optical Systems, Inc.). The diffused quartz-halogen light of the Calibration Accessory was used to flat-field the CCD.
Reflectance geometry-When operated in reflectance mode, as for measurements on the tissue phantom and canine tissue, the sampling system was a filtered fiber optic probe with a bundle of fifty 100-μm core collection fibers arranged in a close-packed circle (PhAT probe, Kaiser Optical Systems, Inc., Ann Arbor, MI). At the spectrograph end, the collection fibers were arranged in a line for coupling into the spectrograph. For the tissue phantom measurements, the collection probe was fitted with a 500-mm focal length fused silica lens that focused to a 14-mm diameter collection field of view. For the canine measurements, a 250-mm focal length fused silica lens was used to provide a collection field of view that was 7 mm in diameter. The laser power available at the sample/specimen was attenuated to 200 mW. To generate the illumination ring, the laser light was launched into a 200-μm NIR optical fiber (Multimode Fiber Optics, Inc., Hackettstown, NJ). The light was collimated (F810FC-780, Thorlabs, Inc., Newton, NJ) and directed through a 175° axicon (Delmar Ventures, San Diego, CA). Telephoto optics (positive/negative lens pair with variable spacing) were placed after the axicon and used to vary the ring diameter. A dichroic mirror (Chroma Technology Corp., Rockingham, VT) reflected the 785-nm light to the sample and transmitted the Raman signal for collection.
Transmission geometry-When operated in transmission mode, as for transmission Raman measurements from excised canine limb, the sampling system was a rectangular fiber optic array of 100-μm core fibers arranged in a 5×10 close-packed rectangle (FiberTech Optica Inc., Kitchener, ON, Canada). At the other end of the bundle, these collection fibers were arranged in a line for coupling into the spectrograph. An 800-nm long-pass filter (HQ800LP, Chroma Technologies Corp., VT) and a 250-mm focal length fused silica lens were placed in front of the rectangular bundle to reject ambient and Raleigh scattered light and to focus the fibers to a 9 mm × 5 mm collection field of view at the specimen. For illumination, laser light was launched diametrically opposite (at 180 degrees) to the collection fibers into a 200-μm NIR optical fiber (Multimode Fiber Optics, Inc., Hackettstown, NJ). The light was collimated (F810FC-780, Thorlabs, Inc., Newton, NJ) and directed through a 50-mm focal length cylinder lens that was positioned between a telescope comprising two 50-mm focal length fused silica lenses. The optical elements were translated to project an 8 mm × 1.5 mm illumination line onto the specimen. Power at the specimen was attenuated to 200 mW.
Tissue specimens
Tissue phantom-A cylindrical tissue phantom made with agar and Intralipid® was used for testing IG-RS in an experimental setup. Details of the phantom preparation have been described elsewhere [27] . Briefly, this phantom (diameter 59 mm, height 45 mm) contained a single Teflon® inclusion of diameter 3/8″ (~9 mm) embedded 10 mm below the top surface of the phantom. Two concentrations of the background Intralipid®, 0.5% and 1%, were used to obtain two phantom measurement sets. Nine acquisitions were taken for each data set using the ring/disk probe in reflectance mode, with the illuminations rings incremented from 4.0 to 13.5 mm in diameter. The acquisition time for each measurement was 10 seconds. Dog tibia-An excised canine tibia was used to obtain Raman measurements in reflectance and transmission modes. The limb was harvested from an animal that was euthanized in approved (University Committee on Use and Care of Animals) studies at the University of Michigan Medical School. CT images of the limb were obtained using a micro-CT scanner (eXplore Locus RS, GE Healthcare, Ontario, Canada). The canine tibia was prepared using glycerol for optical clearing, and reflectance measurements were acquired using the ring/disk configuration. The ring dimensions were changed for ten different acquisitions, from 6 to 16 mm, and the data acquisition time was 1 minute per ring. The thickness of the canine limb ranged from 24 to 45 cm. After all transcutaneous measurements were taken, the overlying tissue was removed with a scalpel, and an exposed bone measurement was taken for validation.
To obtain transmission measurements from the canine limb, the tibia was clamped onto a 360°r otation stage, and 13 projections were obtained at 8° intervals around the limb. The acquisition time was 5 minutes per projection. The source illumination was incident on the anterior side of the tibia, and the collection fibers were positioned diametrically opposite, focused on the limb's posterior side. Figure 2 shows a representation of the reflectance and transmission measurement geometries for the canine limb.
Raman data reduction
Preprocessing included removing spikes due to cosmic rays and removing high-frequency components of the collected signal using a Blackman-Harris windowing function [28] . Each collection fiber was projected onto 5 adjacent rows of the CCD detector. Only signal from the central three rows was used because the outer rows included small amounts of signal from adjacent fibers. To generate a tomographic reconstruction of the buried target (i.e. Teflon® sphere or bone) we needed to determine a measure of the Raman signal generated by the buried target relative to signal originating from overlying layers. To do this, the intense Teflon® band at 732 cm −1 was used as a measure of Teflon® content, and this signal was normalized to the Intralipid® band at 842cm −1 . All operations were performed in MATLAB (v.6.1, The MathWorks, Inc., Natick, MA). The normalized signal for each collection fiber was input into the reconstruction algorithm.
Additional preprocessing of the canine limb data included removing the auto-fluorescent background with a 5 th -order polynomial using the algorithm of Lieber and Mahadevan-Jansen [29] . The data were truncated to an 833-1500 cm −1 region of interest, chosen to include Raman bands that are correlated with changes in the mechanical properties of bone [19, 30, 31] . The spectra were then normalized to the phosphate ν 1 band, the most intense band in the bone spectrum. The transcutaneous measurements acquired with the probe in reflectance mode were used to recover the Raman bone spectrum non-invasively. The recovery protocols have been described elsewhere [24] . Briefly, three of the reflectance measurements were selected as having an optimal separation between the illumination ring and collection field of view. The Raman signal for the three measurements were combined into a single data set, and band target entropy minimization (BTEM) was used to target the phosphate ν 1 band (930-990 cm −1 ). Five eigenvectors were necessary to recover the Raman bone spectrum. Bone scores were calculated from a regression of the signal detected by each of the collection fibers with respect to the recovered Raman bone spectrum. Bone scores were used as inputs to the tomographic reconstruction in both transmission and reflectance modes.
The detected Raman data was registered with the mesh by marking the sample/specimen at each illumination and collection point with a fine point indelible ink marker and then manually entering the coordinates of the illumination and collection fibers onto the mesh. The position of the collection fibers were registered by projecting a white-light source through the fibers onto the sample/specimen and noting the location of a feature on the fiber bundle relative to the orientation of the sample/specimen.
Computational modeling for IG-RS
A finite element model of the diffusion approximation, developed for fluorescence imaging, was used in this work. Since both fluorescence and Raman imaging involve emission of light by tissue, the same numerical models are applicable to both. A set of coupled diffusion equations was used to model both the propagation of laser light at the excitation wavelength and the propagation of emitted light that resulted from target site fluorescence at the emission wavelength [32] . The coupled equations can be written as a function of frequency ω and spatial position r as:
where Φ x and Φ m are the isotropic fluence at the excitation and emission wavelengths, respectively. Subscript x denotes excitation, and m denotes emission; μ ax is the absorption coefficient at the excitation wavelength, D x is the diffusion coefficient at the excitation wavelength and S x is the source term at the excitation wavelength. Similarly, μ am, D m and S m are the absorption coefficient, diffusion coefficient and the source term at the emission wavelength. The source term at the emission wavelength is related to the fluence at the excitation wavelength as: (3) where ημ af is the fluorescence yield (Raman yield in this case) and τ is the Raman lifetime. The implementation details of this model for fluorescence were published previously [5] .
The inverse problem involves recovering images of Raman yield given measurements of the emission field at the boundary of the imaging domain. A modified Newton's method was used for this purpose, and, using a Taylor series approximation, the equation for update in the source term ∂γ can be given as: (4) where ∂Φ refers to the change in the emission field sampled at the detector locations on the boundary and the calculated field at the same locations using the forward solver. ℑ is the Jacobian, the matrix containing the sensitivity of the boundary data to a change in γ and (5) Using this procedure, 3D estimates of the Raman yield were reconstructed. To implement the spatial information from the CT images, a matrix transformation was applied to the Jacobian so that the recovered ∂γ then contained homogeneous updates for the specified tissue types from CT. Details of this transformation can be found in Dehghani et al. [7] .
The intrinsic optical properties at the emission and excitation wavelengths were assumed to be known in this work and were obtained from literature values for canine limb [33] . The ring source configuration for the reflectance mode was modeled by a finite set of discrete sources, and an additive combination of the field generated by each of the sources was used to obtain the fluence distribution from the excitation ring. Similarly, for the implementation of the line source used in the transmission mode, a finite set of discrete sources was used in an additive manner.
Data calibration of the experimental Raman measurements was performed using the measurements from the tissue phantom with 0.5% Intralipid®, denoted as the reference data set. Measurements were simulated assuming known optical properties for the 0.5% Intralipid® phantom, and the average difference between the experimental and simulated data was used as a scaling factor in all reconstructions to compensate for model-data misfits. This average scaling factor was independent of the spatial heterogeneity present in the domain and presented a feasible way for data calibration.
Results
Tissue phantom
The experimental measurements from the tissue phantom with 1% Intralipid® background were calibrated and used for reconstructing IG-RS estimates of the Raman yield from the background and the Teflon® inclusion. A volumetric description of the phantom, generated using NETGEN [34] , contained 5993 nodes and 28009 tetrahedral elements and was used to find approximate solutions to the coupled diffusion equations. A cross-section of the estimated Raman yield from the reconstructed volume is shown in Figure 3 , where the yield values were scaled to produce a minimum of 1.0. The estimates of Raman yield showed a contrast of 460:1 between the Teflon® inclusion and the background agar/Intralipid® gel. The contrast for these estimates, which were reconstructed with prior knowledge of the spatial location of the inclusion, was much higher than for estimates reconstructed without spatial priors, where the contrast was only 7.4:1 [35] . The use of spatial priors in the image reconstruction allowed us to reconstruct Raman signal due to the Teflon® sphere in the expected location. The reconstruction algorithm converged in 6 iterations, requiring a computational time of 26 minutes on a standard Dell computer with a 2-GHz processor. These IG-RS estimates from the tissue phantom illustrate the ability to provide localized Raman spectroscopic values for the background gel and the Teflon® inclusion, as well as to indicate the differences in their chemical composition non-invasively.
Canine tibia
A geometric description of the canine tibia was obtained using image segmentation of the CT images. To define the boundaries between bone and surrounding tissues, the CT images were segmented based on thresholding and region-growing algorithms using a commercial imaging software package (Mimics ™ , Materialise, Inc.). These segmented tissues were used to create a surface rendering of the canine limb (Figure 4) . Using the surface mesh as a starting point, we created a volumetric grid for the limb with Spmesh, an in-house 3D mesh generator [36] . The mesh, which contained 8218 nodes and 40969 tetrahedral elements, was delineated into different materials corresponding to bone and skin using the image segmentations, and each material was labeled with the suitable optical properties [33] . The prepared mesh was used to find IG-RS estimates of Raman yield from bone and skin.
The reflectance measurements were processed using BTEM multivariate analysis to isolate the bone spectrum from the spectra of surrounding tissues. The recovered bone spectrum correlated well with the spectra obtained from exposed bone tissue [23] . The bone spectrum was used to compute the bone scores for both the reflectance and transmission measurements, and the corresponding score plots are shown in Figures 5a and 5b . The bone scores obtained in this manner were calibrated using the scaling factor computed from the reference tissue phantom. Figure 5c shows an example of this calibration for the reflectance data after the scaling factor was applied to the measurements. The calibrated Raman datasets from both geometries were used independently for the recovery of IG-RS estimates of Raman yield values from the bone and the skin. The reconstruction algorithm converged in 5 iterations using reflectance data (computation time = 38.4 min) and in 12 iterations using transmission data (computation time = 94.6 min). The IG-RS estimates were scaled to produce a minimum of 1.0, and these values were used to compare the two system geometries ( Figure 6 ). The location of the bone was identical in both geometries and obtained from the CT images. However, the Raman yield values obtained from IG-RS differ in the two configurations. The IG-RS estimates of Raman yield from bone were much lower when using data from the reflectance geometry with a contrast of 1.4:1 than when using data from the transmission geometry with a contrast of 145:1.
The reflectance values are likely lower, because Raman signal originating from deeper layers is not sufficiently collected in back-reflectance measurements that emphasize Raman signals arising from near the surface. The IG-RS estimates from bone and skin in the transmission measurements indicate that we can obtain a contrast between the bone and background of more than 100-fold with this technique.
Discussion
The availability of high-efficiency fiber-optic probes and systems have radically improved the use of Raman spectroscopy in clinical settings; an increasing number of research studies are evaluating molecular and biochemical contrast mechanisms with origins in Raman scattering and vibrational spectroscopy [21, 37] . Raman spectroscopy is a promising technique, because it has known biochemical specificity that can be attributed to the spectral constituents of materials/tissues [38] and because it provides the possibility for non-invasive, low-cost, spectrally-rich measurements in vivo, without the need for contrast agent injection. Our study demonstrates the feasibility of linking Raman measurements with CT imaging of bone and subsequently examining both the structure and biochemical content of intact bone in vivo.
This study on Raman tomography indicated that Raman scattering measurements can provide spatial maps of changes in tissue composition. Measurements obtained in transmission mode showed a superior depth penetration as compared to reflectance mode. These data were consistent with trends observed in fluorescence studies using reflectance mode which have shown that the penetration depth and accurate localization may be limited to a maximum of 10 mm [39] . In previous Raman studies, this depth was quantified at 6.5 mm for canine tissue [18] . Clearly, the reflectance mode is more useful for characterizing subsurface features within a limited depth of approximately 10 mm. The transmission geometry is more effective for deeper tissue penetration, as our previous study of canine tissue imaging demonstrated [23] .
The key limitation with imaging in the diffuse optical regime, whether using reflectance or transmission geometries, is the spatial resolution, which is limited to the millimeter scale due to high scattering. Increasingly, researchers are investigating multi-modality image-guidance to provide high resolution characterization of tissue, as well as to improve the accuracy of computational models. In these multi-modality systems, the exact tissue structure is obtained from the conventional micron-resolution imaging techniques such as CT or MRI with optical techniques providing unique molecular and functional signatures of the tissues. Towards this end, successful hybrid systems have combined MRI [2] , x rays [3] and ultrasound [4] with diffuse optical imaging in clinical applications. We have extended this concept of multimodality image-guidance for providing localized and non-invasive tissue characterization to include Raman spectroscopy. This work, to the best of our knowledge, presents the first IG-RS estimates from biological tissue in situ.
As the field of molecular contrast agents and biomarkers expands, the need to increase the contrasts observable from relevant tissue boundaries becomes increasingly important. Typically, measurable and quantifiable contrasts between diseased and normal tissues degrade exponentially when going from ex-vivo and in-vitro experiments to in-vivo data. Hence, an inherently high-contrast imaging technique is particularly attractive for use in molecular tissue characterization. Our results on canine tibia indicate that a hundred-fold contrast can be observed from changes in the biochemical composition of tissue. This technique will have potential applications in observing changes in the mineral and matrix compositions that occur in bone tissue, while providing high resolution via image-guidance from MRI or CT. Future clinically-relevant studies will evaluate the ability of IG-RS to monitor biochemical changes occurring from disease. (a) Reflectance mode instrumentation for Raman measurements is shown using a ring/disk geometry. The ring diameters can be varied to sample multiple depths for tomographic reconstruction. (b) Transmission mode configuration is shown using a rectangular array of collection fibers at 180 degrees from the line source illumination. Multiple projections across the tissue can be obtained by rotating the sample with respect to the source-collection fiber setup. (a) Schematic representation of the ring/disk measurements on the canine limb is shown using surface rendering from CT images. The ring diameter was varied between 6 and 16 mm for 10 different separations between source ring and collection fibers. (b) Representation of the transmission measurements from the canine tibia is shown. A total of 13 projections were obtained at 8° intervals around the limb. Cross-section of the reconstructed volume showing IG-RS estimates of the tissue phantom imaged using the ring/disk probe. The Teflon® inclusion was recovered with a contrast of 460:1 with respect to the background agar/1% Intralipid® gel. Surface rendering of bone and surrounding tissues. The outer limb surface was used to generate a volumetric mesh for computation. (a) Bone scores computed from reflectance measurements. (b) Bone scores computed from transmission measurements. The score plots indicate the correlation between the spectra obtained at each collection fiber and the bone spectra. (c) The bone scores were calibrated before the reconstruction using a scaling factor obtained from the phantom data, which compensated for the misfit between the FEM model and the measured data. A cross-section of the reconstructed IG-RS estimates using (a) reflectance measurements from the ring/disk configuration and (b) transmission measurements using the rectangular array of collection fibers. Recovered contrast between the bone and background skin was more than 100-fold higher using transmission measurements than using reflectance data, as seen from the scale for reconstructed Raman yield.
